Quantifying the mechanical properties of soft tissues remains a challenging objective in the field of elasticity imaging. In this work, we propose an ultrasound-based method for quantitatively estimating viscoelastic properties, using the amplitude-modulated harmonic motion imaging (HMI) technique. In HMI, an oscillating acoustic radiation force is generated inside the medium by using focused ultrasound and the resulting displacements are measured using an imaging transducer. The proposed approach is a two-step method that uses both the properties of the propagating shear wave and the phase shift between the applied stress and the measured strain in order to infer to the shear storage (G ) and shear loss modulus (G ), which refer to the underlying tissue elasticity and viscosity, respectively. The proposed method was first evaluated on numerical phantoms generated by finite-element simulations, where a very good agreement was found between the input and the measured values of G and G . Experiments were then performed on three soft tissue-mimicking gel phantoms. HMI measurements were compared to rotational rheometry (dynamic mechanical analysis), and very good agreement was found at the only overlapping frequency (10 Hz) in the estimate of the shear storage modulus G (14% relative error, averaged p-value of 0.34), whereas poorer agreement was found in G (55% relative error, averaged p-value of 0.0007), most likely due to the significantly lower values of G of the gel phantoms, posing thus a greater challenge in the sensitivity of the method. Nevertheless, this work proposes an original model-independent ultrasound-based elasticity imaging method that allows for direct, quantitative estimation of tissue viscoelastic properties, together with a validation against mechanical testing.
to existing underlying pathologies. Chronologically, some of the original elasticity imaging methods proposed to estimate the motion induced in the tissue. This could be achieved for example by externally compressing the tissue, e.g., quasi-static elastography (Ophir et al 1991) or by applying an oscillatory motion and measuring the magnitude of the vibration, e.g., sonoelasticity imaging (Lerner et al 1990) . Based on the assumption that stiffness is related to the measured deformation, such methods have allowed qualitative estimation of soft tissue elastic properties. For example, assuming a homogeneous stress distribution, the elastic modulus is inversely proportional to the measured strain. Whereas such motion estimation methods have proven to be valuable tools for diagnostic purposes (Cespedes et al 1993 , Burnside et al 2007 , Thitaikumar et al 2008 , they do not allow for quantitative measurement of the tissue mechanical parameters due to effects of unknown boundary conditions and of the natural heterogeneity that result in a complex distribution of the stress field. Several studies have been developed for solving the inverse problem in quasi-static elastography (Raghavan and Yagle 1994 , Skovoroda et al 1995 , Kallel and Bertrand 1996 . The capability of estimating the Young's modulus has been demonstrated in simple cases where both geometry and heterogeneity were known a priori. However, such methods depend strongly on the description of the boundary conditions and on the modeling of inhomogeneities, making their application on soft tissues, where such information is a priori not available, not straightforward.
Quantitatively measuring the intrinsic mechanical properties of soft tissues in a modelindependent way has therefore been particularly challenging in the field of elasticity imaging and this has led to the development of several techniques for this purpose. Most of them rely on shear waves, whose propagation properties quantitatively relate to the underlying mechanical properties, allowing therefore to determine them without knowledge of the stress field. Examples of such methods are transient elastography (TE) (Sandrin et al 2003) and acoustic radiation force impulse imaging (ARFI) (Nightingale et al 2001) for ultrasoundbased techniques, and magnetic resonance elastography (MRE) (Muthupillai et al 1995) for magnetic resonance imaging (MRI) based techniques. Initially, all these methods assumed the investigated medium to be purely elastic, leading therefore to the estimation of a global stiffness parameter. The refinement of such physical assumption has been investigated more recently by several studies in particular by assuming viscoelasticity instead of pure elasticity (Catheline et al 2004 , Chen et al 2004 , Sinkus et al 2005 , Huwart et al 2007 , Sack et al 2008 , Vappou et al 2008 , Deffieux et al 2009 , allowing therefore to measure viscoelastic properties. The main reason is that soft tissues naturally exhibit a time-dependent mechanical behavior that cannot be ignored. Hence, a viscoelastic description of the mechanical behavior is more accurate and physically correct than a purely elastic one. At the same time, there may be an interest in developing a diagnostic tool as some pathologies could result in a significant change in viscosity (Sinkus et al 2005 . The viscosity could therefore be used as a good indicator of healthy tissue state and could bring potentially valuable information for diagnostic. In this paper, we propose to use harmonic motion imaging (HMI) to estimate the viscoelastic properties of soft tissues.
Amplitude-modulated harmonic motion imaging uses a single-element focused ultrasound (FUS) transducer driven by an amplitude-modulated signal (Maleke et al 2006) to produce a vibrating radiation force at the focus. The amplitude-modulated beam offers the advantages of a simpler transducer design and a sustained application of the radiation force at a stable focus compared to the spatially varying force generated in the original configuration that uses two overlapping ultrasound beams Hynynen 2003, Maleke et al 2006) . Our group has shown the feasibility of amplitude-modulated HMI in tissue-mimicking gel phantoms, ex vivo porcine liver (Maleke and Konofagou 2008a) , ex vivo breast tumor (Maleke et al 2008c) and in vivo pancreatic cancer (Konofagou and Maleke 2008) . It has also been shown that the estimated displacements showed a good correlation with elastic moduli in gelatin and acrylamide gel phantoms (Maleke et al 2008b) . However, the mechanical properties have not yet been quantitatively assessed. The purpose of this work is to extend and explore the HMI capabilities to directly measuring the viscoelastic properties of soft tissues.
An inverse approach is hereby proposed that allows for estimation of soft matter viscoelastic parameters using HMI. This inverse approach uses both the propagating shear waves properties and the phase shift between the applied stress and the measured strain. The proposed inverse approach is first evaluated by using finite-element (FE) simulations and is then applied in phantom experiments. Finally, the viscoelastic properties obtained experimentally are compared to those measured by mechanical testing. This paper is organised as follows: first, theoretical basis is provided regarding the inverse approach used. The methods section is then divided into (1) the description of the FE simulations that were used to evaluate the inverse method, (2) the global description of the experimental protocol used for this study, (3) materials and methods used for HMI measurements and (4) description of the rheometric technique used for comparison. The results of the simulations are presented and the experimental results obtained by both HMI and rheometry are then described and discussed.
Theory
After a short introduction on viscoelasticity, this section addresses the specific theory of shear waves propagating in viscoelastic media. More extensive information on viscoelasticity can be found in the literature (Christensen 2003 , Fung 1993 . The mechanical behavior of a linear elastic material can be fully described by a pair of parameters (E, ν), with E denoting the Young's modulus and ν the Poisson's ratio. Soft tissues are quasi-incompressible (ν ≈ 0.5). Hence, the elastic behavior is often only given by the Young's modulus. The shear modulus G is related to the Young's modulus and Poisson's ratio by
Under the assumption of quasi-incompressible media (ν ≈ 0.5), this equation leads to E ≈ 3G. In other words, the Young's modulus and the shear modulus become equivalent, since linearly related, which is the reason why the elasticity of soft tissues is often given using only either the shear modulus G or the Young's modulus E. In reality, soft tissues exhibit a time-dependent behavior when subjected to deformation due to their viscoelastic nature. This can make the assumption of pure elasticity invalid. An intuitive way to represent viscoelasticity is by observing the stress relaxation function. When a viscoelastic material is subjected to a step in strain, the measured stress will decay progressively versus time until it reaches a steady state. In that case, if we consider a shear deformation, the relaxation shear modulus is given by
where σ (t) is the stress and is the imposed strain. The relaxation shear modulus G(t) is related to the viscoelastic properties of the material and stress relaxation is a standard method of measuring them. If such a material were purely elastic, there would be no such relaxation as the stress would be immediately proportional to the strain, without any temporal variation. Viscoelastic properties can also be measured in the frequency domain, which is particularly appropriate for methods that use oscillatory excitation. In that case, the shear modulus G(ω)
is measured at distinct frequencies. If linear viscoelasticity is assumed, G(ω) is a complex quantity that can be written as
where i 2 = −1. The real part G is the shear storage modulus and represents the energy stored under deformation, i.e., it represents the elasticity of the material. The imaginary part is the shear loss modulus G and is related to the energy lost under deformation, i.e., it represents the viscosity. Since the purpose is to measure both of those parameters, two independent experimental measurements are needed. The proposed inversion method relies therefore on two separate steps that are explained in detail below. The first step entails the measurement of the real part k of the wavenumber k. The second step entails the measurement of the G /G ratio.
The wavenumber k and the shear modulus G are simply linked through the shear wave propagation equation. For a purely linearly elastic medium, they are related by
with ρ denoting the density of the medium and ω 0 the angular frequency. In this study, the density was assumed to be ρ = 1000 kg m −3 . In the case of a purely elastic medium, both G and k of equation (4) are real quantities. In the case of a linear viscoelastic medium, both quantities G and k of equation (4) are complex, written as G = G + iG and k = k + ik . Equating real and imaginary parts of equation (4) yields
As previously mentioned, the experimentally measured HMI quantities are k and the ratio G /G . From equations (5) and (6), such ratio R is given thus by
If both R and k are known, the negative solution for k of equation (7) becomes:
The reason for the negative value for k will be illustrated in the following section. Finally, by knowing both k and k , the shear storage and loss moduli can be calculated through equations (5) and (6), respectively. The next two subsections explain respectively how k and the G /G ratio were experimentally measured.
Experimental determination of the real part of wavenumber k
The displacement u(x, t) resulting from a shear wave propagating unidirectionally along the x-axis can be written as
where ω 0 and k are the angular frequency and the wavenumber, respectively, assuming that the direction of the induced displacement is along the z-axis, with → e z being the unit z-axis vector. In a linear viscoelastic medium, the wavenumber k is complex, with k = k + ik . In that case, equation (9) can be rewritten as
The e k x term accounts for the attenuation due to viscosity and implies therefore k to be negative in order to ensure a physically acceptable solution (hence the solution of equation (8)).
The temporal Fourier transform U(x, ω) of equation (10) yields
The phase (x, ω = ω 0 ) at the excitation frequency ω 0 of U(x, ω) can therefore be written as
As a consequence, the real part k of the complex wavenumber k can be calculated as the 1D gradient of the phase (x, ω = ω 0 ). Experimentally, k was calculated by computing the 1D gradient of (x, ω = ω 0 ) and by averaging it in a rectangular region of interest (ROI) close to the focal region. Figure 1 illustrates the method of displacement measurement by HMI for the calculation of k .
Determination of the G /G ratio
The approach described here is similar to the dynamic mechanical analysis (DMA), a standardized mechanical testing method for determination of soft matter viscoelastic properties (see Macosko 1994) . In DMA, either an oscillating stress at a frequency ω 0 is imposed while the resulting strain is measured, or an oscillating strain is applied while the resulting stress is measured. In a shear problem, the shear modulus G(ω) corresponds to the transfer function between the shear stress and the shear strain. From the amplitude and phase of the transfer function, both the shear storage G (ω) and loss G (ω) moduli can be calculated. Let us consider the expression of the imposed shear stress, at one location, to be σ (ω) = σ 0 e iωt . The resulting shear strain will oscillate at the same frequency with a delay φ, so that (ω) = 0 e i(ωt−φ) . The ratio between stress and strain can therefore be written as
where
The ratio between G and G can thus be determined by
Experimentally, the shear strain zx was calculated by taking the gradient along the x-axis of the displacement at each temporal frame. The value of the shear strain was averaged in a small region of interest close to the focus, allowing to obtain (t) at a chosen frequency. The input force was also recorded in real time. Due to the proximity of the ROI to the focus, shear stress and radiation force were assumed to be in phase. The phase shift between the input force and the shear strain was calculated from those two measurements. Figure 2 summarizes the phase shift calculation method from the HMI displacement data.
Materials and methods

Finite-element simulations and evaluation of the inverse approach
In order to evaluate the inverse approach proposed in this study, the whole process was performed on displacement images generated by finite-element simulations. Simulations were carried out using ABAQUS (Simulia, Providence, RI) finite-element software. An axisymmetric cylindrical geometry was chosen, and a time-dependent volumic force simulating the acoustic radiation force was imposed at the center of the geometry in a cylindrical focal region (radius 1.5 mm, height 6 mm). The dimensions of the geometry were 10 cm in radius, 5 cm in height, similar to the dimensions of the phantoms used for the experiments. The model consisted of 3824 nodes and 3755 elements. Figure 3 illustrates the geometric properties of the model. The input volumic force varied sinusoidally with time and within a frequency range of 10-50 Hz, and the problem was solved in a dynamic implicit scheme. A fixed time step of 0.5 ms was chosen for a total duration of 0.2 s. It is important to note that such a value of the time step was chosen to be significantly smaller than the input viscoelastic relaxation times (see the next paragraph and the appendix). At each time step, the displacements, strains and stresses were computed. The real part of the wavenumber k was calculated from the temporal displacement data, whereas the phase shift between the acoustic radiation force and the shear strain was directly measured. The material properties were assumed to be linear viscoelastic. They were implemented as time Prony series coefficients. Those coefficients allowed to calculate the shear storage and shear loss moduli at the considered frequency. The appendix provides a detailed explanation on how the frequency-dependent viscoelastic properties were implemented in the model. A total of 10 different configurations were tested by varying the frequency and/or the Prony series coefficients. Table 1 illustrates in detail the parameters of the 10 configurations. In summary, the model was tested within the frequency range of 10-50 Hz, G range of 1-11.25 kPa and G range of 0-4 kPa. For each configuration, the inverse approach explained in the previous section was applied and the viscoelastic parameters obtained through HMI were compared to the input FE parameters.
General experimental protocol
Experiments were performed on three different gel phantoms. The first phantom was a polyacrylamide gel made of 30% acrylamide and 1% agar for scattering. The second phantom was a gelatin-agar mixture made of 4.7% gelatin and 1.5% agar. The third phantom was also a gelatin-agar mixture made of 6.6% gelatin and 2.2% agar. Details about gel preparation are provided in Maleke et al (2006) . For a given gel, both rheometric and HMI phantoms were prepared from the same liquid mixture. A few hours after their preparation, phantoms were simultaneously tested by both HMI and rheometry in order to ensure identical experimental conditions.
Harmonic motion imaging
A 4.5 MHz FUS transducer (Imasonic, Voray sur l'Ognon, France) was used to generate an oscillatory radiation force using a low-frequency amplitude-modulated (AM) signal. The acoustic intensity (I spta ) at the focus was equal to 236 W cm −2 . A function generator (Agilent (HP) 33120A, Palo Alto, CA) was used to produce a carrier signal at a frequency of 4.5 MHz. The amplitude of the carrier signal was then modulated using a second function generator (Agilent 33220A) that generated a low frequency range of 5, 10, 15 and 20 Hz. The mechanical excitation frequency values were therefore equal to 10, 20, 30 and 40 Hz since the acoustic intensity (and therefore the acoustic radiation force) varies as the square of the pressure. The frequency range was chosen according to the limitations in terms of frequency, which are related to both physical and instrumental limitations. This point will be developed in more detail in section 5.
A phased array imaging transducer with a center frequency of 3.3 MHz and a bandwidth of 60% (Sonix RP, Ultrasonix Medical Corporation, Richmond, Canada) was inserted through a center hole of the force ultrasound transducer, which rendered the two transducers confocal. The consecutive RF frames were acquired at a sampling frequency of 40 MHz. The depth was equal to 8 cm and 32 beams were used in each sector acquired. The angles were of 90
• and 45
• for respectively the first (determination of k ) and the second step (measuring the phase shift), resulting in the respective frame rates of 234 and 441 frames per second (fps). A digital lowpass filter with a cut-off frequency of 4.2 MHz was applied on the acquired RF ultrasonic signals in order to filter out the high force beam interference, prior to displacement estimation. A cross-correlation method was used to estimate axial displacements on the filtered RF signals for every consecutive frame with correlation window equal to 2 mm and 92.5% overlap. For the first step of the method (calculation of k ), incremental displacements were calculated from consecutive RF frames. In the second step (determination of the phase shift), cumulative displacements were calculated with respect to the first frame (prior to application of the force).
Rheometry
The results obtained by HMI were compared to those obtained by rotational rheometry. Rheometric experiments were performed on an ARES rheometer (TA-instruments, New Castle, DE) on the same phantoms and on the same day as HMI experiments. During the preparation of the gels, part of the mixture was used to make samples for rheometry. Cylindrical samples (1 cm diameter, approximately 4 mm high) were prepared and tested on the same day as the HMI experiments in order to ensure similar gel conditions. Dynamic mechanical analysis was performed on 10 samples for each gel. As explained in the theoretical part, this method consists of calculating both storage and loss moduli by measuring the transfer function between shear stress and shear strain. Both upper and lower plates of the rheometer were covered with a porous platen in order to avoid slippage between the plates and the sample. A low precompression was applied on the samples (between 0.5% and 3%, depending on the sample geometry). Such a precompression step is necessary in order to ensure uniform contact between the plates and the sample because of the unavoidable irregularities in the shape of the sample. However, it is important to note that such irregularities were relatively limited in our gels, which explains the low precompression levels that were used. After this step, samples were allowed to relax for 2 min and the shear strain measurements were performed afterward. The frequency range was 0.1-10 Hz and the shear strain value was = 1%. This value was chosen in order to ensure a linear response of our gels, in accordance with preliminary experiments showing that the behavior of our gels could be considered linear up to 5% strain. 
Results
Simulations
The values found for G and G from displacement images obtained by FE simulations were compared to the input values of the FE model. Table 1 reports the values found for all the configurations that were tested. It shows a very good agreement between input and calculated values, with an averaged relative error of 9% for G and 7% for G .
Comparison rheometry HMI
As explained in the methods section, both k and G /G were measured by HMI for each frequency, allowing to calculate k from equation (8). Shear storage and loss moduli were then calculated from equations (5) and (6) and compared to the values obtained by rotational rheometry. Statistical Student t-tests were performed at the common frequency value in order to evaluate the significance of the differences found between the two methods. Figures 4-6 illustrate the results for the three phantoms tested. For rheometry, the errorbars indicate the standard deviation among the number of tested samples. For HMI, the errobars indicate the standard deviation across six different ROIs located around the focal region. As it will be discussed further, both methods have their limitations in terms of frequency range. In our case, the only overlapping frequency was 10 Hz. Table 2 summarizes the results for G and G for both rheometry and HMI at this frequency, for the three gels. It indicates that a very good agreement was found between rheometry and HMI for the shear storage modulus G , with an average relative error of 14%, whereas the agreement was not as good for the shear loss modulus, with an average relative error of 55%. For G , the p-values were found to p = 0.005, p = 0.43 and p = 0.58 for the polyacrylamide, the 4.7% gelatin and the 6.6% gelatin phantoms, respectively, suggesting that the differences between the two methods are not statistically significant at least for the gelatin gels. For G , the p-values were found to be p = 0.0006, p = 0.0015 and p = 0.00003, for the polyacrylamide, the 4.7% gelatin and the 6.6% gelatin phantoms, respectively, suggesting that the difference between the results obtained by HMI and those obtained by rheometry is significant for all gels.
Discussion
In this study, a model-independent method was proposed to quantitatively determine the viscoelastic properties of soft media using HMI. A two-step hybrid inversion approach was proposed that uses both the properties of the propagating shear waves and the phase shift between the input force and the measured shear strain. Inherent advantages of HMI were utilised, namely (1) the possibility of remotely generating harmonic motion inside the medium using a non-contact method, therefore generating a shear wave propagating out of the Figure 6 . Shear storage (G ) and loss (G ) moduli versus frequency found by rheometry and by HMI for the 6.6% gelatin + 2.2% agar phantom. Circles stand for G and squares for G . Unfilled symbols stand for rheometry and filled symbols for HMI.
focal region and (2) the similarity to dynamic mechanical analysis testing methods, since an oscillating stress is imposed and the resulting strain is measured.
Recently, measuring the viscoelastic parameters has been gaining interest in the elasticity imaging field. As it has been indicated in section 1, recent quantitative results have been reported by using MRE (Sinkus et al 2005 , Huwart et al 2007 , Sack et al 2008 , Vappou et al 2008 . Viscoelasticity has been proposed as a contrast method in several ultrasoundbased techniques: Taylor et al (2001) have shown that the measured displacement depends on the frequency of excitation, showing therefore the viscoelastic nature of their phantoms and suggesting that this viscoelasticity can be used as a contrast mechanism. A few methods have been proposed that measure the parameters of viscoelastic rheological models (e.g., Kelvin-Voigt) using the velocity of the shear wave at different frequencies (Catheline et al 2004 , Chen et al 2004 , Deffieux et al 2009 or using the creep response of the tested material . However, assuming a specific model can be precarious. For example, the Kelvin-Voigt model is appropriate to fit the dynamic behavior of certain tissues over a limited frequency range (typically one decade), but it will fail to represent their whole dynamic behavior, where multi-relaxation mode models (such as generalized Maxwell models) are necessary (Nicolle et al 2005) . In any case, and regardless of whether one rheological model is more appropriate than another, such approaches are model dependent since they measure model parameters rather than the intrinsic tissue viscoelastic properties. Our proposed method aimed at measuring dynamic viscoelastic properties, namely the complex shear modulus G = G + iG , without making any assumption on the rheological behavior of the tested tissue.
The proposed inversion approach was first evaluated on numerical data obtained by FE simulations. The good agreement found between the estimated and input FE values of G and G validated the theoretical foundations of this proposed inversion approach. The simplified assumptions made for the FE model in terms of geometry, distribution of the force, size of the focal region and boundary conditions may be critical when compared to real experimental conditions. However, this step was essential in order to evaluate the accuracy and the applicability of the method.
Results obtained experimentally were then compared to rotational rheometry in soft tissuemimicking gels. Such a study in phantoms was necessary for quantitative comparison purposes that require homogeneity and isotropy to be controlled. Comparison against mechanical testing is challenging in the elasticity imaging field as it allows us to evaluate the quantitative nature of the proposed method. MRE has been compared to several mechanical testing methods under different configurations, namely, static testing in the framework of linear elasticity (Hamhaber et al 2003) or versus rotational rheometry for dynamic viscoelastic properties (Vappou et al 2006) . In ultrasound-based elasticity imaging, motion estimation techniques have been compared to indentation and have shown good correlation between displacement magnitude and Young's modulus measured by indentation (Maleke et al 2008b) . Fromageau et al (2007) have compared both quasi-static and transient elastography to tensile testing on polyvinyl alcohol (PVA) cryogels, showing good matching (regression coefficient varying from 0.97 to 1.07 and correlation coefficient r 2 varying from 0.93 to 0.99 depending on the method). However, such comparison studies were performed under the assumption of a purely elastic material under static stress. To our knowledge, this study is the first comparison between an ultrasound elasticity imaging method and a mechanical method for measuring the dynamic linear viscoelastic properties.
At the common frequency value between the HMI and rheometry methods, namely, 10 Hz, very good agreement was found for the shear storage modulus. The agreement is poorer regarding the shear loss modulus, despite it being on the correct order of magnitude in all three phantoms tested. In addition to the limitations of the proposed method, as it will be developed below, differences in boundary conditions and excitation mode between rotational rheometry and HMI may explain such a difference. Furthermore, it is important to note that such values of shear loss modulus are low, especially those found in the polyacrylamide gel phantom. This is related to the fact that for both rheometry and HMI, the measured phase shift was very small. The limitation regarding the frame rate results in a limitation of the temporal resolution between two successive frames, which in turn results in an increased uncertainty in the measurement of the phase shift. For example, at f = 10 Hz, a frame rate of 441 fps translates to 44 frames for each period, which results in a phase resolution φ of 8
• (tan(φ) = 0.1405), which will limit the accuracy of the measurement of the phase shift. Hence, the relative uncertainty increases as the phase shift decreases, i.e., as the tissue is less viscous, which was the case at lower frequencies such as 10 Hz. This explains the poor reliability of the results found in the polyacrylamide phantom (see figure 4) , where the measured phase shift was lower than 10
• . An alternative could be to perform these comparison tests on gels with significantly higher viscosity that would translate into higher phase shift values. Nevertheless, soft tissues generally have a low relative viscosity, especially at low frequency. As examples, values of tan(φ) have been reported as tan(φ) ≈ 0.19 and tan(φ) ≈ 0.34 for brain tissue at f = 0.1 Hz and f = 10 Hz respectively (Porcine white matter in vitro, Nicolle et al 2005) , tan(φ) ≈ 0.28 and tan(φ) ≈ 0.43 for cervical tissue at f = 1 Hz and f = 100 Hz, respectively (in vitro with 2% precompression, Kiss et al 2006) , tan(φ) ≈ 0.21 for breast tissue at f = 65 Hz (healthy breast tissue in vivo by MRE, Sinkus et al 2005) . Therefore, one solution to overcome this limitation is to increase the frame rate, which can be achieved by reducing the number of RF beams. Ongoing work is currently focused on using this solution in order to enhance the accuracy of the phase shift measurement.
Other limitations are related to assumptions that have been made in the theoretical development. First, the shear wave was idealized as a plane shear wave propagating only along one axis, with only one motion component. In reality, the shape of the focal region is responsible for a shear wave profile that is more complex than a simple plane wave. Further improvement includes the extension to a full 2D inversion that can be applied independently of the propagation direction, and that can therefore be used for heterogeneous media. However, the effects of such simplifications are very limited, since our measurements were performed in a relatively small ROI (on the same order of magnitude as the focal region) close to the focal region. In such a region, making the assumptions of local homogeneity and of a plane shear wave propagating only along the lateral direction is reasonable.
The assumption of purely sinusoidal motion inside the tissue is also questionable. In reality, the acoustic pressure is modulated by a sinusoid, which means that the acoustic intensity-and hence the acoustic radiation force-varies as the square of a sinusoid. The consequence of this is that the frequency content of the applied stress is more complex as it is not just a monochromatic excitation. However, we expect the effect of this approximation to be limited in both the k estimation and that of the phase shift between stress and strain. In the first case, the phase of the Fourier transform was calculated at the central excitation frequency, ignoring therefore the effects of other frequencies. In the second case, the phase shift between strain and stress was also evaluated by calculating the phase of their Fourier transform at the excitation frequency.
Finally, the limitation regarding the frequency range that can potentially be used is a very complex issue that depends on both physical and material limitations. As in all shear-wave based inversion methods, the proposed method has both lower and upper frequency limits that are related to several phenomena. The low frequency limit is related to the fact that for a given stiffness, the wavelength increases, i.e., the wavenumber k decreases, and so does therefore the signal-to-noise ratio of k, which leads to increased uncertainty in its measurement. The upper frequency limit is related, on one hand, to the material limitations: the frame rate must satisfy the Nyquist criterion and the resolution must be significantly smaller than the wavelength. On the other hand, there are also physical limitations: as the frequency increases, so does the viscosity in general, which means an increase in the attenuation of the shear wave, until the signal-to-noise ratio of the displacement becomes critically low because of a too large attenuation. Such limitations are recurrent in shear wave-based inversion approaches and are very common in MRE where the optimal working frequency range becomes significantly narrowed (Vappou et al 2006) . Similar frequency limitations can be expected here. Depending on both the ultrasound imaging parameters used and on the interrogated medium, a rough global range would be approximately 10-100 Hz.
The reason for using such a hybrid approach lies in the significant difficulty in using a purely shear wave propagation-based method or a purely indentation-like based method. In the first case, the attenuation is very difficult to measure as it can be very sensitive to noise. Furthermore, the effective attenuation would not only be due to viscous effects, but also to geometrical effects due to the diffractive nature of the source whose shape can roughly be approximated to a cylinder. Hence, only k was determined, requiring additional information in order to calculate both G and G . In the second case, the analogy to DMA is that we know the temporal profile of the imposed stress and we measure the resulting oscillating strain, but the knowledge of the absolute value of the stress is not possible, as it depends strongly on the local heterogeneity and boundary conditions of the tested medium. Hence, unlike DMA where both phase shift and ratio of amplitudes are known, which allows us to calculate the whole transfer function between stress and strain, in our case, only the phase shift can be measured, i.e., the ratio between G and G . Due to those limitations, we have proposed a 'hybrid' method that proposes a unique opportunity to measure both viscous and elastic parameters. Future directions logically converge toward a purely localized method that would no longer use the shear wave propagation, hence using the principle of DMA for HMI measurements but with the valuable advantage of applying an internal localized stimulus. The unknown stress is always an obstacle in such an approach, but FE simulations could help to relate the volumic acoustic radiation force to underlying stresses.
In conclusion, by choosing the frequency and the values of g 1 , τ 1 and G ∞ , we can determine the theoretical values of G and G at this frequency.
